One contribution of 14 to a theme issue 'Mathematical methods in medicine: neuroscience, cardiology and pathology' . The obstruction of ventricular catheters (VCs) is a major problem in the standard treatment of hydrocephalus, the flow pattern of the cerebrospinal fluid (CSF) being one important factor thereof. As a first approach to this problem, some of the authors studied previously the CSF flow through VCs under time-independent boundary conditions by means of computational fluid dynamics in threedimensional models. This allowed us to derive a few basic principles which led to designs with improved flow patterns regarding the obstruction problem. However, the flow of the CSF has actually a pulsatile nature because of the heart beating and blood flow. To address this fact, here we extend our previous computational study to models with oscillatory boundary conditions. The new results will be compared with the results for constant flows and discussed. It turns out that the corrections due to the pulsatility of the CSF are quantitatively small, which reinforces our previous findings and conclusions.
The obstruction of ventricular catheters (VCs) is a major problem in the standard treatment of hydrocephalus, the flow pattern of the cerebrospinal fluid (CSF) being one important factor thereof. As a first approach to this problem, some of the authors studied previously the CSF flow through VCs under time-independent boundary conditions by means of computational fluid dynamics in threedimensional models. This allowed us to derive a few basic principles which led to designs with improved flow patterns regarding the obstruction problem. However, the flow of the CSF has actually a pulsatile nature because of the heart beating and blood flow. To address this fact, here we extend our previous computational study to models with oscillatory boundary conditions. The new results will be compared with the results for constant flows and discussed. It turns out that the corrections due to the pulsatility of the CSF are quantitatively small, which reinforces our previous findings and conclusions.
This article is part of the themed issue 'Mathematical methods in medicine: neuroscience, cardiology and pathology'. stationary flows. The results for four different pulsatile inlet flows are then described in §4. The exposition finishes with a discussion of the biomedical consequences of the results in §5 and a summary in §6.
Introduction

Material and methods
The physical problem we envisage in this paper is the flow of a simple, incompressible fluid (the CSF) through a catheter placed inside a cavity. The fluid flows into the cavity through an inlet and exits through the lumen of the catheter. To deal with this problem, we build a numerical model of the physical domain (i.e. catheter and cavity) and solve the Navier-Stokes equations numerically with appropriate initial and boundary conditions. In sum, our analysis tool is CFD in three dimensions.
(a) Computational fluid dynamics software
A numerical model consists of three basic steps: data pre-processing, solving process and data post-processing. In the pre-processing step, the computational domain and the meshing of the model are built, and the initial and boundary conditions are fixed. Next, a suitable numerical scheme is implemented to solve the governing equations of the model. Lastly, in the postprocessing step, a correct analysis and visualization of the data are required to ensure a proper discussion of the results.
It is, therefore, customary in CFD to use numerous software tools to carry out a numerical experiment. The core of our simulations was OpenFOAM , which is the acronym of Open Source Field Operation and Manipulation. OpenFOAM is an open-source CFD software based on C++ that contains a toolbox for tailored numerical solvers. The algorithm implemented in OpenFOAM uses the finite-volume method on unstructured meshes [23, 24] . OpenFOAM includes pre-processing and post-processing capabilities such as snappyHexMesh and ParaFoam for meshing and visualization, respectively. We also used other open-source software that provides pre-processing and post-processing tools for CFD such as Salome and ParaView. Salome (v. 7.3.0) was mainly used to build the geometry of the different models, and ParaView (v. 4.1.0) to display some of the images.
(b) Flow domain
The real flow domain is a catheter along with the lateral ventricle in which the catheter is placed. However, our goal is just to compute the flow rate distribution and shear stress in a neighbourhood of the VC walls, so the influence that the geometry and volume of the ventricle might have on the results is negligible. In view of this fact, the lateral ventricle was modelled as a cylinder (figure 1) to facilitate the task of meshing and thus improving the accuracy and computational efficiency. The cylinder is 75 mm long and its diameter is 16 mm. The inner diameter and outer diameter of the catheter are 1.5 mm and 2.5 mm, respectively, and the part of the catheter inside the cylinder has a length of 60 mm. The configuration and dimensions of the VC holes are the same in all models; they are given in figure 2. In particular, the VC has eight drainage segments, numbered 1-8 from the distal to the proximal segment, along a perforated area whose length is 14 mm. Unless otherwise stated, holes are conical and, furthermore, all the holes belonging to the same segment have the same internal and external diameters (figures 1 and 2). For the purposes of this study, their geometric features were adjusted following the design principles established in [14, 15] , to obtain an approximately uniform flow rate distribution. The assumption that both the cylinder and the catheter are rigid and straight is a natural simplification that implies no significant differences in the results.
Finally, let us underline that the grid must be fine because the flow rate distribution is very sensitive to changes in the hole diameters, especially in the proximal segments with small diameters. Therefore, we introduced by hand the coordinates of the VC holes with a high accuracy, the computational mesh being then automatically generated by snappyHexMesh, which is controlled by some meshing parameters. As a result, the grid is uniform over the whole computational domain, without refinements around the holes.
(c) Governing equations
Our model is governed by the incompressible Navier-Stokes equations given by
and where u stands for the velocity field, t for time, p for pressure, and ν and ρ denote the kinematic viscosity and density of the CSF (ν = 7.5 × 10 −7 m 2 s −1 , ρ = 1000 kg m −3 ), respectively. Equation (2.1) is the general Navier-Stokes equation. Fluids described by this equation are called simple (or Newtonian) because their stress tensor has a mathematically simple structure. The Navier-Stokes equation is thought to describe simple fluids even in the turbulent regime. Equation (2.2) is the incompressibility constraint, which entails in particular that the inlet flow is equal to the outlet flow. The most important simple, incompressible fluid is, of course, water.
The CSF behaves to a high degree of accuracy as a simple fluid, which justifies the use of equations (2.1) and (2.2) in this case. We integrated numerically the coupled system (2.1) and (2.2) by means of the icoFoam solver, which is based on the so-called PISO algorithm and implemented in OpenFOAM . The icoFoam code is inherently transient, requiring an initial condition and boundary conditions.
(d) Initial and boundary conditions
In the literature, the pulsatile nature of the CSF flow is widely recognized [16] [17] [18] [19] [20] [21] [22] . In some of those studies, the CSF pulsatile behaviour in a ventricle is modelled mathematically by the periodic flow rate:
and
where -the quantity q bulk is the mean production flow (volume per unit time); -the quantity q puls (t) is the pulsatile flow related to the heart beat; -the parameter α determines the amplitude of the flow rate q puls (t) (the difference between the maximum value and the minimum value); and -the parameter ω determines the period of the heart beat.
In our study, four different cases were considered according to the flow at the inlet boundary (the left cylinder base in figure 1 ). The parameter values of these inlet flows are collected in table 1 and their graphic representations are drawn in figure 3 . The different values of q bulk reflect, and are commensurate with, the variability of CSF production from patient to patient.
Thus, in Model 1 the inlet flow is steady and its volume rate is 100 cm 3 In Models 2-4, the inlet flow pulsates according to the mathematical model (2.3). The parameter α was adjusted to obtain approximately an inlet flow amplitude of 20% of the mean production flow q bulk . The parameter ω was taken to achieve a period of 1 s, which means 60 beats per minute. The runtime was also 2 s, thereby achieving two complete periods. The pressure was taken as zero gradient at the inlet boundary.
At the outlet boundary (the intersection of the VC lumen with the right cylinder base), the pressure was fixed to 15 cm H 2 O (=1471 Pa) and a zero gradient condition was set on the velocity. The conditions at the wall boundaries were no-slip for the velocity and zero gradient for the pressure (which is compatible with the no-slip condition for the velocity). On the rest of the computational domain, the initial velocity was taken to be zero and the pressure 15 cm H 2 O.
(e) Computer performance
OpenFOAM allows parallel computation using the domain decomposition method, in which the mesh and its associated fields are partitioned into subdomains and allocated to separate processors. Thus, the program can run in parallel on separate subdomains by means of a communication protocol known as message passing interface (MPI). The number of subdomains should be equal to, or greater than, the number of processors.
The current numerical simulations were carried out with the following computer equipment: Dell PowerEdge R730, with two Intel Xeon Processors E5-2650 v3 (25M Cache, 2.30 GHz) and 64 GB RDIMM, 2133 MT s −1 , Dual Rank. The total number of cells covering the whole computational domain were 10 854 360 divided into 20 subdomains through the Scotch decomposition method, which requires no geometric input from the user and attempts to minimize the number of processor boundaries. The total execution time in each model (considering both meshing and solver computations) was approximately 15 h when using 20 processors running in parallel.
Previous work
Before describing in §4 the results obtained with the new, more realistic model featuring a pulsatile flow, in this section, we review briefly previous work directly related to the present one. For a general account of the historical development of VCs for the treatment of hydrocephalus, the interested reader is referred to [25] .
In 2003, Lin et al. published a landmark study [6] on the stationary flow in standard VCs by means of CFD. A standard VC is characterized by a constant inter-segment distance, holes of the same size and the same number of holes per segment, totalling 12-32 holes in general. Using a two-dimensional model, the authors reproduced numerically the experimental flow of water on the horizontal symmetry plane of a standard catheter. In particular, they obtained the typical increasing distribution of the flow rates through the drainage segments, the greatest rate occurring at the proximal segment. As already explained in §2, this distribution favours obstruction in standard VCs and, hence, shunt failure. [11] [12] [13] . The CFD software, flow domain and governing equations were the same as described above in §2a-c. Moreover, all the boundary conditions were time-independent, as corresponds to a stationary flow. Specifically, the velocity field at the inlet was adjusted to achieve a constant inflow of 100 cm 3 d −1 , as in Model 1. On the rest of the boundaries, the conditions were the same as in §2d.
The scope of [11] [12] [13] was to explore the dependence of the flow pattern on the geometrical configuration of a VC, which was basically given by the number of segments, inter-segment distances and drainage area per segment. The authors considered new designs beyond the standard VCs and compared them with the Rivulet design [26] , which differs from a standard VC in that the hole size decreases from the distal to the proximal segment. The authors showed in [13] how to obtain uniform, increasing and decreasing flow rate distributions along the perforated area of a VC by varying the inter-segment distance and the drainage area per segment.
These explorations led to a more systematic study in [14] . As a result of a parametric study, the authors derived a number of general principles for the design of VCs. Moreover, they concretized those principles in several designs with uniform flow patterns and also showed that an additional perforation at the catheter's tip has a negligible impact on the flow rates through the drainage segments. The same authors extended those principles in [15] , where the influence of conical holes and their tilt angle was numerically analysed. All these principles allow obtaining flow rate distributions at will, thus constituting a set of guidelines for designing catheters theoretically less prone to obstruction.
The pulsatile flow
In this section, we describe the results of the numerical simulations performed with Models 1-4. We refer to figures 4-7 for a graphical representation of the flow characteristics under scrutiny for the different models.
Thus, figure 4 shows the time evolution of the flow rate for a selection of three drainage segments, namely, the two of them that have the highest and lowest flow rate (segments 3 and 8, respectively), along with a third segment having an intermediate flow rate (segment 6) (figure 1). This selection was made for a better visualization of the graphics.
A first conclusion when comparing Model 1 (steady flow model) with Model 2 (the pulsatile flow model with the same q bulk ) in figure 4 is that the flow rate at each drainage segment of Model 2 oscillates around the steady flow rate at the corresponding drainage segment of Model 1. The same conclusion holds, of course, for Models 3 and 4 when comparing figure 4 with the results for a steady inlet flow with the corresponding rate q(t). Table 2 lists the amplitudes of the flow rates q(t) at the inlet (second column), at each of the eight drainage segments (intermediate columns), as well as the sum of the latter ones (last column) for the three pulsatile flow models. The amplitude was taken in the second interbeat period (of 1 s duration), i.e. between the first and the second heart beats, as the first interbeat period (up to t = 1 s) is a transient period with a strong damping effect towards the limit periodic solution (a limit cycle). Indeed, the flow rates converge to their steady values already in the period 1 ≤ t ≤ 2.
Furthermore, the amplitude of the flow rate oscillations at each drainage segment increases with the amplitude of the inlet flow rate (see Models 2, 3 and 4 in figure 4) . More revealing for our purposes is figure 5, which shows the percentage of CSF flow passing through each drainage segment during the second period. Importantly, this percentage remains invariant over all models, except for small, unavoidable fluctuations due to computational inaccuracy.
Figures 6 and 7 lead to similar conclusions with respect to the shear stress, the other fluidmechanic property playing an important role in VC design. They show the time evolution of the mean shear stress and its time average over the second interbeat period at the eight different drainage segments, respectively. The shear stress was calculated on the walls of all holes of a given segment and then averaged to obtain the corresponding mean value. According to the plots in figure 6 for Models 1 and 2, the mean shear stress at each segment in the case of a pulsatile flow (Model 2) oscillates again around the value obtained for a steady inlet flow with the same rate q(t) (Model 2). The same conclusion translates mutatis mutandis to Models 3 and 4. In addition, figure 7 indicates that as the inlet flow increases, the shear stress also increases proportionally.
Discussion
The VCs used in shunt systems are exposed to many different conditions in clinical circumstances which are difficult to test experimentally. Among others, the ventricular pulsatile behaviour is a condition which needs to be incorporated in experimental set-ups in order to define optimal catheter flow and design, since a steady flow can only serve as a simplified, rather unrealistic, model for CSF diversion. Briefly, the pulsatile flow within the CSF is the physiological condition which derives from the heart rate as well as the arterial blood pressure, which is transferred by the blood vessels and the brain tissue into the subarachnoid space and the ventricles. Under a pathological condition the pulse amplitude might be enlarged when the intracranial pressure is increased or the compliance is reduced [19] . This possibility enhances the relevance of investigating pulsatility of the CSF flow in VCs, and through the shunt system in general.
In our mathematical model, three different intensities of pulsatile flows are represented. As seen in the results, the flow rate distribution among the perforation holes in the catheter does not differ significantly under pulsatile conditions. However, the shear stress correlates positively with increased pulsatility. Since adhesion of small particles such as cells, debris or proteins is more likely to happen when the sheer stress is increased [10] , this might indicate that pulsatility itself could be one promoting factor of particle adhesion to the catheter material. It has been shown that obstruction of VCs is at least partially initiated by adhesion of small particles to the material which then might lead to ingrowth of inflammatory cells and reactive tissue [27] . Given this, our data show that pulsatility must be further investigated in models of different catheter designs in order to better understand the flow within catheters.
Limitations of the model include the inherent complexity related to the pulsatile ventricle. Our model reproduces a simple cylinder rather than a complex anatomical lateral ventricle. Also, values related to volume, pressure and timing are not necessarily constant among study groups [18, 19, 28] . For example, pulsatility is not necessarily a free force in the CSF especially in conditions when the ventricles are small or in the case where the catheters are placed in close proximity to the ventricular wall. For this reason, it is also difficult to investigate different volumes of CSF which might cause different flow forces and pulsatility to the VC lumen and perforations. In these circumstances, particularly, it is important to mention the fact how precise VCs should be placed in the middle of the ventricle without contact to adjacent tissue. This situation is usually more difficult in cases with small ventricles compared those with large ones. In this context, the results given in this study disclosed that sheer stress is magnified in proximal catheter perforations compared with the more distal holes. We have shown in previous studies that the amount of catheter perforations might be better limited in order to place the holes exclusively inside the ventricle [29] , which becomes more relevant in small ventricles. That might lead us to theoretically optimal conditions to limit the catheter perforations only to the tip of the catheter, thereby reducing the risk of perforations being close to the paraventricular tissue. However, the limitation of the catheter perforations should take into account the total drainage area (i.e. the sum of the cross sections of all the perforations) in order to keep the shear stress within an acceptable range. The difficulty of such an approach in daily neurosurgical practice was discussed in [14] . Further investigations will have to calculate this and other scenarios in order to be translated in further catheter designs to be tested. Diminishing the risk of catheter obstruction in shunted patients is the final purpose of these simulation studies. 
Conclusion
The use of CFD to study the CSF circulation through a VC turns out to be a valuable tool to improve VC designs. Nevertheless, the CSF circulation has a very complex dynamics in which many factors are involved: ventricle shape and size, dynamics of the inlet flow, mechanical properties of the surrounding tissue, adhesion of particles in CSF, VC material or coating, etc. All this makes the dynamics of CSF extremely difficult to simulate under realistic conditions, thus calling for simplifications in the computational models to facilitate the task. However, we must take into consideration that further research including new features in the models could disclose new effects or variations with respect to the ones already stated. In particular, the introduction of pulsatile inlet flow could bring forth new results which could question the basic principles described in [14, 15] for a steady inlet flow. This study confirms the validity of such studies, i.e. the principles of how the flow behaves when we vary the geometry of the catheter remain valid regardless of whether the inlet flow is pulsatile or steady, or whether the inlet mass flow is greater or lesser, of course, provided that the variation of the values are within a plausible data range.
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